Introduction {#sect1-1}
============

Microvascular blood flow is, apart from oxygen saturation, an essential parameter determining the efficiency of oxygen supply to tissue, bearing considerable relevance to therapy monitoring and planning in, e.g., photodynamic therapy of tumors, neonatology or neurointensive care. Traditional methods for non-invasively measuring microvascular blood flow such as PET, Xe CT or X-ray angiography offer high spatial resolution and sensitivity, but involve external contrast agents and radiation dose concerns and cannot be used at the bedside, which is a major difficulty for situations where chronic monitoring is required, such as in neurointensive care or in neonatology. Near-infrared diffusing-wave spectroscopy (DWS; also called diffuse correlation spectroscopy, DCS) has recently been introduced as a new technique for non-invasive detection of blood flow in deep tissue without the need for exogenous contrast agents. DWS is the extension of quasi-elastic light scattering to highly turbid media \[[@r01], [@r02]\] and analyzes the temporal intensity fluctuations of multiply scattered light which arise from microscopic motions of scatterers within tissue, e.g. due to blood flow or tissue shearing. In contrast to the laser Doppler technique, DWS allows to probe tissue at depths of several centimeters, providing e. g. non-invasive access to brain function through the intact scalp and skull \[[@r03], [@r04]\]. Functional DWS signals from the human brain during motor or visual cognitive tasks show accelerated dynamics \[[@r03], [@r04], [@r05], [@r06], [@r07]\] which is explained by increased blood flow in the activated cortical areas induced by vasodilation. Comparisons with direct measurements of relative blood flow rates using arterial spin label (ASL) MRI in human skeletal muscle \[[@r08]\], human and rat brain \[[@r09], [@r10]\], Xe CT in the human brain \[[@r11]\] and fluorescent microspheres in the piglet brain \[[@r12]\] show high correlations (correlation coefficients 0.64--0.86) with relative flow indices derived from DWS data. However, the microscopic origin of the perfusion-related DWS signal has remained unclear so far. The temporal autocorrelation function *g*^(1)^(*τ*) of the scattered light field from perfused tissue is found to be described by diffusion rather than by ballistic motion expected for flowdriven erythrocytes \[[@r04], [@r13], [@r14]\]. The analysis of *in vivo* DWS data from microvascular tissue is complicated by the simultaneous presence of erythrocyte motions and shear within extravascular tissue due to the pressure waves propagating from the heart through the arterial tree; indeed, high-resolution DWS data measured *in vivo* with a multi-speckle detection show that the field autocorrelation functions at the systole and at the diastole differ in their shape \[[@r15]\], suggesting that intravascular erythrocyte motions and extravascular tissue shearing contribute differently to the DWS signal, with weights varying within the pulsation cycle. However, experimental data quantifying the contributions of blood flow and extravascular tissue shearing under controlled conditions have not been available so far.

In this publication we present DWS data from porcine kidney which is artificially perfused *ex vivo* with controlled flow rate and pressure. Field autocorrelation functions measured on the renal cortex are described by diffusive dynamics for constant flow, with a particle diffusion coefficient scaling linearly with the volume flow rate *Q*. Dynamic contrast variation, i.e., replacing blood by non-scattering saline solution, reveals a small residual background dynamics within the extravascular tissue which is independent of flow rate. For pulsatile flow scatterer dynamics is approximately diffusive, with a time-dependent effective diffusion coefficient whose modulation bears the signatures of flow in the presence of blood, and of shear motions for the blood-free kidney.

1. Experimental {#sect1-2}
===============

A fresh kidney of an adult pig, obtained from the Konstanz slaughterhouse, was prepared by removing surrounding tissue. After removing residual blood by repeated perfusion with a 0.15M NaCl solution through the Arteria renalis, the vascular volume was filled with a solution of 3000 units/ℓ heparin (Braun) in 0.15MNaCl. During the experiment, the kidney was artificially perfused using a home-built perfusor driven by a linear motor (controller: LinMot E1100-RS; stator: LinMot PS01-37x120-C) (see [Fig. 1](#fig01){ref-type="fig"}). Perfusion was controlled by operating the motor either at constant velocity or at a sinusoidally varying velocity *v*~m~(*t*) = *v*~m,0~ +*δ v*sin(2*πf*~0~*t*) at a frequency *f*~0~ = 1Hz. The injected volume was calculated from the position information provided by the perfusor controller unit. Arterial pressure *p*~a~ was measured at the entrance of the Arteria renalis with a piezoelectric sensor (Honeywell 24PCBFA6G). Relative variations of pressure and flow rate were less than 0.17% and 1.5%, respectively. Experiments with two different perfusion media were carried out: (i) a 0.15M NaCl solution and (ii) fresh porcine blood at a dilution of 9% of the physiological hematocrit suspended in a solution of 0.13M NaCl and 0.01M sodium citrate. Vascular patency was confirmed by x-ray angiography.

DWS experiments were performed using an external-cavity diode laser (Toptica TA-100) operating at a wavelength *λ* = 802nm as a source. Its light was guided onto the kidney surface by a multimode optical fiber. Laser powers were 51mW and 100mW over a tissue area of about 12mm^2^ for the experiments with saline buffer and with diluted blood, respectively. The DWS sensor, consisting of a bundle of 31 single-mode receiver fibers (Schäfter+Kirchhoff SMC-780; nominal cut-off wavelength 780 nm, mode field diameter 4.7*µ*m, numerical aperture 0.13) was placed at a distance *ρ* = 18mm from the source at the Extremitas inferior. Light from each of the receiver fibers was detected by an avalanche diode (Perkin-Elmer SPCMAQ4C) whose TTL output is processed by a multichannel autocorrelator (correlator.com) (see \[[@r15]\] for details). In order to perform experiments in the presence of ambient light we equipped the fiber receiver with a bandpass filter (Semrock FF01-800/12-25) with 12 nm spectral width and 93% transmission at the center wavelength 800 nm. Both for constant and for modulated flow the bundle-averaged field autocorrelation functions *g*^(1)^(*τ*) were measured with an integration time *T* = 26.2ms; this is short enough that the scatterer dynamics can be considered stationary at the pulsation frequency *f*~0~ = 1Hz. The average photon count rate was between 24 kHz and 96 kHz per fiber.

Fig. 1.Schematic experimental setup. The kidney, which is fixed in a rigid construction in order to minimize motion artefacts, is perfused by a computer-controlled perfusor consisting of a syringe driven by a linear motor at controlled velocity. The DWS sensor is placed on the Extremitas inferior and probes approximately the banana-shaped volume marked in pink. Injected fluid is drained through the vena renalis (not shown).

To characterize the nature of the motions giving rise to the decay of *g*^(1)^(*τ*), we computed the mean square phase fluctuation 〈Δ*φ*^2^(*τ*)〉 for a single scattering event by numerical inversion of the expression for *g*^(1)^(*τ*) for a semi-infinite, optically and dynamically homogeneous medium and point source-point receiver geometry \[[@r16]\],
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for the dynamic absorption coefficient $\alpha\left( \tau \right) = \left( 3\mu_{s}^{\prime}\mu_{a} + \frac{3}{2}\mu_{s}^{\prime 2}\left\langle \Delta\varphi^{2}\left( \tau \right) \right\rangle \right)^{\frac{1}{2}}$ . Here *R*(*ρ*) = exp(−*α*(0) *r*~1~)/*r*~1~ −exp(−*α*(0) *r*~2~)/*r*~2~ is proportional to the average diffuse reflectance at the source-receiver distance *ρ*. The quantities *r*~1~ = (*ρ*^2^+*z*^2^~0~)^1/2^ and *r*~2~ = (*ρ*^2^ +(*z*~0~+2z~e~)^2^)^1/2^ are related to the depth *z*~0~ = 1/*µ*′~s~ of the effective diffuse light source. For the reduced scattering and absorption coefficients we used values *µ*′~s~ = 5.4cm^−1^ and *µ*~a~ = 0.5cm^−1^, respectively \[[@r17]\]. With a tissue refractive index *n* ≈ 1.4 \[[@r18]\], we estimate the value for the extrapolation length z~e~ ≈ 1.9/*µ*′~s~ \[[@r19]\]. For independent scatterers 〈Δ*φ*^2^(*τ*)〉 is related to the scatterer mean square displacement 〈Δ*r*^2^(*τ*)〉 by 〈Δ*φ*^2^(*τ*)〉 = 2*k*^2^~0~/3〈Δ*r*^2^(τ)〉, where *k*~0~ = 2*πn*/*λ* is the wavevector in the medium \[[@r20]\]. Allowing for variations of *z*~e~ in the range \[1.5/*µ*′~s~,2.5/*µ*′~s~\] leads to relative changes of the retrieved 〈Δ*φ*^2^(*τ*)〉 of no more than 2.2 %.

Fig. 2.Field autocorrelation functions *g*^(1)^(*τ*) as a function of lag time *τ* measured at the Extremitas inferior of the porcine kidney during constant perfusion with diluted blood for flow rates *Q* = 0.6mℓ/s (□), 1.2mℓ/s (◦), 1.8mℓ/s (△), 2.4mℓ/s (▽) and 3.1mℓ/s (◊). Source-receiver distance is *ρ* = 18mm. For better visibility of the flow dependence, data for lag times *τ* \> 1ms are suppressed. Data are averages over 1908 autocorrelation functions each measured with an acquisition time of 26.2 ms, corresponding to a total experiment duration of 50s for each flow rate. Standard deviations of *g*^(1)^(*τ*) are smaller than 2×10^−3^.

For the experiments with modulated flow, DWS autocorrelation functions measured at times *t*, *t* + 1/*f*~0~, *t* + 2/*f*~0~, . . ., of several pulsation cycles were averaged, from which the time-dependent mean square phase fluctuation 〈Δ*φ*^2^(*τ*, *t*′)〉 as a function of lag time *τ* and phase *t*′ = *t* mod(1/*f*~0~) were computed as described above.

2. Results {#sect1-3}
==========

Field autocorrelation functions *g*^(1)^(*τ*) from kidneys perfused with diluted blood are very reproducible over periods of typically 50 s, reflecting the stability of the flow, and decay within about 460*µ*s for the lowest flow rate *Q*=0.6mℓ/s; increasing the flow rate strongly accelerates the decay (see [Fig. 2](#fig02){ref-type="fig"}).

As shown in [Fig. 3](#fig03){ref-type="fig"}, mean square phase fluctuations 〈Δ*φ*^2^(*τ*)〉 show linear scaling with lag time between about 10^−5^ s and 10^−4^ s, indicating diffusive erythrocyte dynamics characterized by a mean square displacement 〈Δ*r*^2^(*τ*)〉 = 3〈Δ*φ*^2^(*τ*)〉/(2*k*^2^~0~) = 6*Dτ* and a diffusion coefficient *D*. This behavior contradicts the ballistic scaling 〈Δ*φ*^2^(*τ*)〉 \~ 〈*v*^2^〉*τ*^2^ expected for random flow of uncorrelated scatterers with mean square velocity 〈*v*^2^〉. Plotting *D* vs. the volume flow rate in the range 0.6mℓ/s ≤*Q*≤3.1mℓ/s shows a linear scaling *D*(*Q*)\~*Q* (see [Fig. 4](#fig04){ref-type="fig"}). For the blood-filled kidney in the absence of flow the intensity autocorrelation function decays within about 1 ms; the low intercept of about 1.35 indicates substantial static scattering from extravascular tissue, precluding quantitative determination of 〈Δ*φ*^2^(*τ*)〉.

Fig. 3.Mean square phase fluctuation 〈Δ*φ*^2^(*τ*)〉 and mean square displacement 〈Δ*r*^2^(*τ*)〉 in porcine kidney perfused with 9% blood as a function of lag time *τ*, for flow rates *Q* = 0.6mℓ/s (□), 1.2mℓ/s (◦), 1.8mℓ/s (△), 2.4mℓ/s (▽) and 3.1mℓ/s (◊). Linear leastsquares fits of the function *a*~0~ + *a*~1~*τ* to the data for lag times 10^−5^ s ≤ *τ* ≤ 10^−4^ s are shown as lines.

When the kidney is perfused with the saline solution, the field autocorrelation function *g*^(1)^(*τ*) is observed to decay on a time scale of about 700*µ*s which is by a factor of 1.8 longer than the slowest decay in the presence of blood (see [Fig. 5](#fig05){ref-type="fig"}), but shorter than the decay time for the blood-filled kidney without flow. In contrast to the data for the blood-perfused kidney, the DWS autocorrelation functions for saline perfusion depend only very weakly on flow rate. The short integration time of 26.2 ms introduces normalization errors and distortions at large *τ* for such slowly decaying autocorrelation functions, making meaningful determination of 〈Δ*φ*^2^(*τ*)〉 difficult.

For the pulsatile flow realized by sinusoidally modulating the syringe velocity, we obtain nearly sinusoidal modulations of the arterial pressure for perfusion with both diluted blood and saline solution (see [Fig. 6a](#fig06){ref-type="fig"}). For perfusion with saline solution, the flow rate *Q*(*t*′) shows a symmetric, nearly sinusoidal modulation; in contrast, *Q*(*t*′) in the presence of blood is strongly asymmetric (see [Fig. 6b](#fig06){ref-type="fig"}). The cycle-averaged pressure 〈*p*~a~〉~c~ shows a linear scaling with the cycle-averaged flow rate 〈*Q*〉~c~ both for blood and saline perfusion, with effective vascular resistances 〈*p*~a~〉~c~/〈*Q*〉~c~ very similar to the ones for constant flow (data not shown).

Mean square phase fluctuations 〈Δ*φ*^2^(*τ, t*′)〉 depend, both for perfusion with blood and with saline solution, on the phase *t*′ within the pulsation cycle (see [Fig. 7](#fig07){ref-type="fig"}). In contrast to the clear linear scaling with *τ* for constant flow, 〈Δ*φ*^2^(*τ, t*′)〉 measured at different *t*′ show a relatively complex behavior and can in general not be superimposed by rescaling lag time, corroborating the *in vivo* observation on the human index finger reported in \[[@r15]\].

Fig. 4.Particle diffusion coefficient *D* of the blood-perfused kidney as a function of volume flow rate *Q*. The full line is a linear least-squares fit to the data. Values for intercept and slope are (6.5±3.3)×10^−14^m^2^/s and (3.5±0.16)×10^−13^m^2^/mℓ, respectively. Error bars denote the standard deviation of the residuals of the fit to 〈Δ*φ*^2^(*τ*)〉.

Fig. 5.Field autocorrelation functions *g*^(1)^(*τ*) as a function of lag time *τ* measured on the kidney during constant perfusion with saline solution for flow rates *Q* = 0.6mℓ/s (□), 1.2mℓ/s (◦), 1.8mℓ/s (△), 2.4mℓ/s (▽) and 3.1mℓ/s (◊). *g*^(1)^(*τ*) was calculated from measured *g*^(2)^(*τ*) using coherence factors *β* ≈ 0.45 determined from a fit of *g*^(2)^(*τ*)−1 to *β* + *a*~1~*τ* + *a*~2~*τ*^2^.

Fig. 6.(a) Arterial pressure *p*~a~(*t*′) and (b) flow rate *Q*(*t*′) as a function of phase *t*′ within the pulsation cycle. Circles: diluted blood; squares: saline solution. Data are averages over 31 and 16 measurements for diluted blood and for saline solutions, respectively, each with an integration time of 26.2 ms.

In order to characterize the evolution of the scatterer dynamics over the pulsation cycle by a single parameter, we calculate the effective diffusion coefficient *D*~eff~(*t*′) by a linear least-squares fit of the function 4*k*^2^~0~*D*~eff~(*t*′)*τ* to the measured 〈Δ*φ*^2^(*τ, t*′)〉 in the lag time window 50*µ*s ≤ *τ* ≤ 500*µ*s. However, it should be noted that a super-diffusive scaling 〈Δ*φ*^2^(*τ, t*)〉 \~ *a*(*t*′)τ^*κ*(*t*′)^ with a phase-dependent exponent *κ*(*t*′) fits the data slightly better. However, as the physical meanings of the parameters *a* and *κ* are not evident, we only discuss the single parameter *D*~eff~(*t*′) in the following. In the presence of blood, *D*~eff~(*t*′) varies approximately sinusoidally around an average value which increases with mean arterial pressure (see [Fig. 8](#fig08){ref-type="fig"}). For the saline-perfused kidney, the effective diffusion coefficient in the saline-perfused kidney shows a qualitatively and quantitatively different behavior with 2 maxima during the pulsation cycle and a significantly reduced average value and modulation.

Discussion {#sect1-4}
==========

While replacing blood by non-scattering saline solution provides access to the dynamics of the extravascular tissue, a quantitative understanding of the resulting changes in the DWS signals requires an estimation of the changes in the optical properties entailed by this procedure. We estimate the optical properties of the blood-free kidney with the expression *µ*′~s~ = (1−*ϕ*~v~)*µ*′~s,ev~, where *ϕ*~v~ ≈0.07 is the average vascular volume fraction determined from our vascular corrosion casts; the value of the reduced scattering coefficient of the bulk extravascular tissue, *µ*′~s,ev~, is estimated using the expression *µ*′~s,ev~ =*µ*′~s~ − *ϕ*~v~*µ*′~s,v~/(1−*ϕ*~v~)≈4.3cm^−1^. Here, *µ*′~s~ =5.4cm^−1^ is the literature value of the reduced scattering coefficient of the kidney perfused with full blood \[[@r17]\]; for the reduced scattering coefficient *µ*′~s,v~ of the vascular compartment, we have assumed a value of 20cm^−1^ reported for human blood at full hematocrit \[[@r21]\].

Fig. 7.Mean square phase fluctuation 〈Δ*φ*^2^(*τ, t*′)〉 of the blood-perfused kidney as a function of lag time *τ* measured at different phases *t*′ in the pulsation cycle. Average flow rate *Q* = 1.2mℓ/s. The dashed line denotes, for comparison, the diffusive scaling 〈Δ*φ*^2^(*τ*)〉 \~ *τ* observed for constant flow. Data are averages over 31 measurements each with an integration time of 26.2 ms.

Fig. 8.Effective diffusion coefficient *D*~eff~(*t*′) as a function of phase *t*′ within the pulsation cycle. Circles: diluted blood at average arterial pressure 14.6 kPa and average flow rate 1.25mℓ/s. Squares: saline solution at average arterial pressure 16 kPa and average flow rate 1.86mℓ/s.

The blood-free kidney is thus estimated to have a reduced scattering coefficient (1 − *ϕ*~v~)*µ*′~s,ev~ ≈ 4.0cm^−1^, practically identical with the estimate *µ*′~s~ ≈ 4.1cm^−1^ for the kidney perfused with diluted blood. Diffusion coefficients shown in [Figs. 4](#fig04){ref-type="fig"} and [8](#fig08){ref-type="fig"} are thus likely to be underestimated by the same factor (5.4/4.1)^2^ ≈ 1.7 when determined using the literature value for the reduced scattering coefficient. Clearly, optical properties measured *in situ* taking into account sample-to-sample variations should allow for a more quantitative determination of diffusion coefficients.

Our calculation of the mean square phase fluctuation per scattering event, 〈Δ*φ*^2^(*τ*)〉, and the erythrocyte diffusion coefficient *D* using the bulk values for *µ*′~s~ and *µ*~a~ assumes that all the scatterers are mobile. However, this approach is likely to underestimate the actual diffusion coefficient: despite its high contribution to the total *µ*′~s~, the dynamics of the extravascular tissue is very weak compared to the one of the vascular compartment (see [Fig. 5](#fig05){ref-type="fig"}). An upper bound for the intravascular diffusion coefficient can be estimated by assuming the extravascular tissue to be completely static. Then the actual diffusion coefficient *D*~v~ of the vascular compartment is related to the measured *D* by *D*~v~ = *D*/*f*, where *f* is the fraction of scattering events a photon experiences with mobile scatterers. For values of the reduced scattering coefficient *µ*′~s~ of the perfused kidney between 4.1cm^−1^ and 5.4cm^−1^ we estimate that the fraction of scattering events by erythrocytes, *ϕ*~v~*µ*′~s,v~/*µ*′~s~, is between 3% and 4.5 %, resulting in *D*~v~ being between 30 and 40 times larger than the measured *D*.

While the linear scaling of the measured diffusion coefficient *D* with flow rate is suggestive of a direct linear relationship between actual, intravascular diffusion coefficient and *Q*, it should be kept in mind that for low pressures an increase in flow may be accompanied by a substantial increase in vascular volume, leading, via the increase in *f*, to an increased measured diffusion coefficient which reflects the vascular compliance, but not the actual flow rate. This effect is expected to be important for low arterial pressures and high vascular compliance and could be the origin for reported deviations between DWS flow indices and flow rates measured by methods such as ASL MRI. At high pressures, the vascular volume will saturate due to the finite extensibility of the vascular walls. Indeed, we observe that average photon count rates vary significantly only at the lowest arterial pressure, while they are constant to within less than 1% for the highest pressures and flow rates. Model calculations show that these reflectance changes correspond to pressure-induced variations of *f* which are far too small to account for the large variations of the measured diffusion coefficient for flow rates *Q* ≳ 0.6mℓ/s.

Accounting for these optical effects we estimate that the actual diffusion coefficients for pulsatile flow shown in [Fig. 8](#fig08){ref-type="fig"} are by a factor of 60--80 larger than the ones in the saline-perfused kidney, indicating that for flow rates within the physiological range the major contribution to the DWS signal is indeed due to erythrocyte motions, as suggested by the earlier *in vivo* validation experiments.

This conclusion is also supported by the qualitatively different temporal evolution of *D*~eff~(*t*′) during the pulsation cycle. As shown in [Fig. 9](#fig09){ref-type="fig"}, the spectrum (Fourier transform) of *D*~eff~(*t*) shows a strong component at *f* = 2*f*~0~ for the saline-perfused kidney, which is the hallmark of shear dynamics, as was recently observed in time-resolved DWS experiments on contracting skeletal muscles \[[@r22]\]. For the blood-perfused kidney, such a frequency-doubled component is strongly attenuated in comparison with the fundamental mode at 1 Hz despite the highly anharmonic flow rate observed at the entrance of the vascular system. Assuming that the low-pass filter property of the vascular tree results in nearly sinusoidal flow within the renal cortex, we expect, extending the linear flow rate scaling of *D* in the constant-flow regime to pulsatile flow, a modulation of *D*(*t*′) with *f*~0~, in line with the observed behavior.

The approximately linear lag time scaling of the mean square phase fluctuations 〈Δ*φ*^2^(*τ, t*′)〉 measured at different phases of the pulsation cycle clearly shows that the deviations of the field autocorrelation function from the expected ballistic behavior observed *in vivo* \[[@r04], [@r13], [@r14]\] does not arise from time-averaging of *g*^(1)^(*τ, t*) over integration times longer than the pulse cycle time 1/*f*~0~. To date, all available *in vivo* DWS data were measured non- or semi-invasively, leaving the possibility that the diffusive dynamics obtained by analysis of *g*^(1)^(*τ*) with a homogeneous semi-infinite model could arise from the neglect of optical and dynamic heterogeneity. However, the analysis of *in vivo* DWS data from the human motor cortex with a 3-layer model showed that even by accounting for different optical and dynamical properties in the scalp, skull and cortex, data could not be described by ballistic erythrocyte dynamics expected for random flow \[[@r04]\]. Such multi-layer models are based on the assumption that the diffusion approximation holds within the individual, optically homogeneous, layers. For values of *µ*′~s~ between 4.0cm^−1^ and 5.4cm^−1^ and *µ*~a~ between 0.3cm^−1^ and 0.5cm^−1^ and using the diffusion approximation for the source-receiver distance *ρ* =18mm we estimate that the detected photons undergo between 13 and 18 scattering events for the blood-perfused and the blood-free kidney. While this hints at the limited validity of the diffusion approximation in particular for long lag times and short photon paths, it is unlikely to be fully responsible for the linear lag time scaling of 〈Δ*φ*^2^(*τ*)〉 at the relatively short *τ* observed under constant flow conditions. Rather, it might reflect diffusive erythrocyte dynamics brought about by collisions with other erythrocytes or the vessel walls. Indeed, particle tracking experiments by Goldsmith and Marlow \[[@r23]\] revealed diffusive erythrocyte dynamics in the direction perpendicular to the flow, with a diffusion coefficient approximately linear in the average shear rate. As the shear rate scales with *Q* for the laminar flow conditions realized in microvasculature, the collision mechanism could also explain the linear scaling of the diffusion coefficient with *Q* observed in our constant-flow experiments.

Fig. 9.Real part of the spectrum of the effective diffusion coefficient *D*~eff~(*t*) for the kidney perfused with blood (red) and with saline buffer (black), as a function of frequency *f*. Note the strong peak at the pulsation frequency *f*~0~ = 1Hz and the marked second harmonic at 2Hz for the saline-perfused kidney indicating the contributions of extravascular tissue shearing.

Conclusions {#sect1-5}
===========

The dynamic contrast variation method introduced here allows to disentangle the effects of extravascular shearing and erythrocyte dynamics on DWS signals from perfused tissue. While our experiments were focussed on the renal cortex as a model system for microvascular tissue, we expect that our results can be transferred to other tissues with similar vascular architecture, such as the cerebral cortex. Together with measurements of tissue optical properties this method could provide the basis of all-optical, non-invasive measurements of absolute microvascular blood flow rates.
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